The use of cone-beam computed tomography ͑CBCT͒ has been proposed for guiding the delivery of radiation therapy, and investigators have examined the use of both kilovoltage ͑kV͒ and megavoltage ͑MV͒ x-ray beams in the development of such CBCT systems. In this paper, the inherent contrast and signal-to-noise ratio ͑SNR͒ performance for a variety of existing and hypothetical detectors for CBCT are investigated analytically as a function of imaging dose and object size. Theoretical predictions are compared to the results of experimental investigations employing largearea flat-panel imagers ͑FPIs͒ at kV and MV energies. Measurements were performed on two different FPI-based CBCT systems: a bench-top prototype incorporating an FPI and kV x-ray source ͑100 kVp x rays͒, and a system incorporating an FPI mounted on the gantry of a medical linear accelerator ͑6 MV x rays͒. The SNR in volume reconstructions was measured as a function of dose and found to agree reasonably with theoretical predictions. These results confirm the theoretically predicted advantages of employing kV energy x rays in imaging soft-tissue structures found in the human body. While MV CBCT may provide a valuable means of correcting 3D setup errors and may offer an advantage in terms of simplicity of mechanical integration with a linear accelerator ͑e.g., implementation in place of a portal imager͒, kV CBCT offers significant performance advantages in terms of image contrast and SNR per unit dose for visualization of soft-tissue structures. The relatively poor SNR performance at MV energies is primarily a result of the low x-ray quantum efficiencies ͑ϳa few percent or less͒ that are currently achieved with FPIs at high energies. Furthermore, kV CBCT with an FPI offers the potential of combined volumetric and radiographic/fluoroscopic imaging using the same device.
I. INTRODUCTION
With the introduction of intensity modulated radiotherapy ͑IMRT͒ it has become possible to create highly conformal dose distributions for dose escalation and normal tissue avoidance. Unfortunately, the benefits of IMRT are limited when large margins have to be used to accommodate uncertainties in target and normal tissue position at the time of treatment. In sites where day-to-day, interfraction organ motion is present, image-guided ͑IG͒ therapy offers the possibility for reduced margins and dose escalation. One possible solution for IG therapy involves acquisition of a threedimensional ͑3D͒ image of the patient in the treatment position for each fraction. Based on the 3D images, delivery can be adjusted on a daily basis, permitting tighter conformation to the clinical target volume. Such IG systems must meet certain requirements, including ͑i͒ function in the treatment room; ͑ii͒ minimally invasive operation; ͑iii͒ sufficient speed as not to significantly prolong treatment time; ͑iv͒ geometric precision; and ͑v͒ the ability to differentiate soft tissue with sufficient spatial resolution to allow the desired margin reduction. A strong candidate for such an IG system is conebeam computed tomography ͑CBCT͒ integrated with the treatment machine. Compared to radiographic approaches, CBCT does not rely on a fixed relation between target, normal tissue, and the bony anatomy. Compared to other IG systems, volumetric CBCT images are also compatible with daily treatment planning or post-treatment planning for subsequent fractions. Other in-room imaging modalities, such as ultrasound, currently cannot be used directly for treatment planning; rather, they are used to match with the planning data ͓e.g., conventional computed tomography ͑CT͔͒. Such a registration approach is limited in the presence of deformations. Compared to CT-on-a-rail or in-room CT with a moveable couch, CBCT has the advantage of allowing radiographic/fluoroscopic imaging throughout the treatment procedure, an aspect that may be valuable for sites in which the potential for intrafraction motion is significant. Several investigators have proposed two possible methods for integration of CBCT imaging within a radiotherapy environment. One approach uses the megavoltage ͑MV͒ treatment source of the linear accelerator, [1] [2] [3] [4] [5] [6] [7] while the other uses an auxiliary kilovoltage ͑kV͒ source [8] [9] [10] such as an x-ray tube.
There are many factors that affect the imaging performance of CBCT imaging systems. In this study, the inherent contrast of soft tissue structures and the signal-to-noise ratio ͑SNR͒ are examined as a function of x-ray energy across a range spanning kV and MV energies. Other factors that could have a profound effect on imaging performance at various energies, including beam hardening, x-ray scatter, focal spot size, and spatial resolution of the x-ray detector, are not examined in detail in this investigation. Experimental results are limited to investigations with two designs of flatpanel imager ͑FPI͒-one for kV and one for MV imaging. An established model for computing SNR in filtered backprojection image reconstructions is used to examine the SNR performance of FPIs and other detector technologies.
The ability of an x-ray imaging system to differentiate soft tissues is affected by the difference in attenuation coefficient at a given energy between the contrasting objects. For kV CBCT imaging ͑ϳ30-140 keV͒ the contrast changes with energy, because both the photoelectric and Compton effects contribute significantly to attenuation. For MV energies ͑ϳ1-6 MeV͒ the Compton effect is by far the dominant interaction process, especially for materials with low atomic number (Z), in which case the attenuation coefficient is proportional to electron density and is nearly independent of Z. Object contrast is therefore constant over a wide range of energies in the MV regime. For higher energies ͑e.g., 50 MeV͒ pair production becomes increasingly important and leads to an increase in contrast. 7 Since most medical linear accelerators provide a maximum photon energy of 18 -25 MeV, these very high energies ͑i.e., Ͼ25 MeV͒ were not investigated. The inherent contrast of soft-tissue structures found in the human body was computed analytically for x-ray energies ranging from 10's of keV to 6 MeV.
Even high contrast objects may not be perceptible if the imaging system exhibits poor SNR performance. The SNR performance in CBCT can be predicted analytically 3,11-13 using techniques developed for conventional CT. Since many of the factors influencing SNR performance are strongly dependent on x-ray energy, SNR performance was evaluated over a range of x-ray energies, accounting for energydependent effects such as the energy imparted to the object, x-ray transmission through the object, and x-ray quantum detection efficiency. The results of the theoretical evaluation are compared to the measured SNR performance for the FPIbased kV and MV CBCT imaging systems.
II. METHODS AND MATERIALS
A. Theoretical estimation of contrast and SNR performance
Dependence of soft-tissue contrast on x-ray energy
The contrast of various tissues was calculated relative to ICRU soft tissue. 14 The materials considered included water ͑mass density ϭ1 g/cm 3 ͒, soft tissue (ϭ1.06 g/cm 3 ), lens of the eye (ϭ1.07 g/cm 3 ), breast (ϭ0.99 g/cm 3 ), muscle (ϭ1.05 g/cm 3 ), and adipose tissue ͑fat͒ (ϭ0.95 g/cm 3 ). Brain (ϭ1.04 g/cm 3 ) was also investigated but is not shown explicitly in the results, as its contrast was found to be indistinguishable from that of muscle. All attenuation coefficients and densities were taken from Hubbell and Seltzer. 15 Contrast, C, is defined as
reflecting the role of ICRU soft-tissue as the reference material.
Signal-to-noise ratio in CBCT reconstructions
As described by Barrett et al. 11 and Swindell et al., 3 the variance, 2 , in attenuation coefficient, , in a transaxial reconstructed image of a water cylinder is inversely proportional to the total number of photons, N tot , interacting in a given voxel and to the transaxial area of a voxel, 2 :
where is the voxel size in transaxial planes. ͑Herein, the term ''voxel'' refers to an element in the volume image reconstructed about isocenter, whereas the term ''pixel'' refers to a detector element in the plane of the detector.͒ The proportionality is determined by a constant, K, given by the bandwidth integral 16 described below. Therefore, the square of the voxel SNR is given by
The dose, D, to the center of the phantom and N tot are related by the photon fluence, ⌽, by the following equations:
where d is the diameter of the cylinder, E is the energy of primary photons, en is the energy absorption coefficient for water, 15 is the mass density of water, and ⌬z is the slice thickness ͑i.e., the voxel size in the longitudinal direction͒.
The factor is the quantum detection efficiency ͑QDE͒ of the detector, computed analytically for the kV FPI, 15 and estimated from Monte Carlo results for the MV FPI. 17 The analytical calculation is based on the following equation:
ϭ1Ϫexp(Ϫ ph t ph ) integrated over the energy spectrum of the kV x-ray tube, 18 where t ph is the thickness of the phosphor screen, and ph is the attenuation coefficient. The QDE for both FPIs is presented in Fig. 1 .
The SNR is therefore proportional to the square root of the QDE and dose, as given by
Equation ͑2e͒ was used to compute the SNR for FPIbased CBCT at kV and MV energies and to compare to experimental results obtained using the two FPIs. In these cases, the transaxial voxel dimension, , was 0.5 mm for the MV FPI and 0.25 mm for the kV FPI, corresponding to the isocenter-projected pixel size of the detectors ͑i.e., the pixel size divided by the magnification factor͒. Equation ͑2e͒ was also used to examine the SNR performance of other detectors proposed for use at MV energies. These included a Xenon gas detector for CT ͑506.6 kPa; thickness tϭ5 cm͒ with a QDE of 8% 1,2 at 2 MeV; and a fluoroscopic CsI:Tl system ͑1 cm thick crystals͒ with a QDE of 18% 19 at 2 MeV. In order to examine and compare SNR performance for the two FPIs, the Xe, and the CsI:Tl detectors at equivalent spatial resolution, an value of 0.5 mm was assumed ͓bearing in mind that for the Xe and CsI:Tl detectors, the spatial resolution is typically lower, e.g., 1 mm and 2.5 mm, respectively, and reconstruction on a finer grid may not be reasonable͔ and a slice thickness of 5 mm was used. The factor K in Eq. ͑2͒ is related to frequency pass characteristics ͑i.e., spatial resolution͒ of the reconstruction process and describes the influence of the ramp and apodization filters employed in filteredbackprojection ͑e.g., Kϭ0.091 for the Hamming filter͒. 12 The K factor is proportional to the transaxial voxel area and the integral over the reconstruction filter ͑squared͒ and was computed numerically using the following equation:
where f is spatial frequency, and ⌬t is the sampling step size as given by the detector pixel size projected to the isocenter and was set to equal the transaxial voxel size, . W( f ) is the apodization window function used in reconstruction, specifically a Hamming window herein ͓W( f )ϭ0.54 ϩ0.46 cos(2f⌬t)͔. The theory assumes that the pixel aperture is the dominant component of the detector spatial resolution. Furthermore, the theory does not account for additive noise such as that introduced by the readout electronics, and such noise contributions are assumed negligible relative to quantum noise. Finally, while Eq. ͑2e͒ allows calculation of SNR versus dose to the center of the phantom, the potential detriment to the patient may be better represented by the dose to specific organs or by the integral dose. Measurements of integral dose in CBCT are the subject of ongoing work.
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B. The kV FPI-based CBCT imaging system
The kV CBCT system has been described in detail elsewhere. 10 Briefly, the system consists of three components: an x-ray tube, a rotation stage, and an FPI. These components are mounted on an optical bench with a source to rotation axis distance of 103.3 cm and a source to detector distance of 165.3 cm. All components operate under computer control. The x-ray tube ͑General Electric Maxi-ray 75͒ has a heat capacity of 300 kHU ͑heat units͒ and a minimum filtration of 1.5 mm Al with an additional filtration of 0.127 mm Cu. A 100 kVp beam was used for all measurements reported here. The FPI 21 ͑PerkinElmer Optoelectronics RID 512-400 A0͒ incorporates a 512ϫ512 array of a-Si:H photodiodes and thin film transistors ͑TFT͒ at a pixel pitch of 0.4 mm, giving a field size at isocenter of 12.8ϫ12.8 cm 2 . An x-ray converter ͑Kodak Lanex Fast-B screen͒ is placed in direct contact with the photodiode array. The imager was operated at an integration time of 3200 ms, and projection images were digitized to 16 bits. The dark noise for the detector measured in the absence of irradiation is ϳ 21 900 electrons, significantly higher than exhibited by more recent prototypes, 20 and the charge capacity is limited by that of the ASIC amplifier ͑ϳ23 pC͒. The limitations in dynamic range ͑ϳ6600:1͒ and field of view ͑12.8 cm at isocenter͒ are improved in more recent detector designs. 20, 24 Volume images were reconstructed on a grid of 0.25ϫ0.25ϫ0.25 mm 3 voxels using the FDK 22 algorithm, corresponding to the pixel size of 0.4 mm at the detector plane and a geometric magnification of 1.6.
C. The MV FPI-based CBCT imaging system
Components
A photograph of the MV CBCT system is shown in Fig. 2 . The system is based on an Elekta SL20 medical linear accelerator and an FPI. The SL20 can deliver 6 MV and 18 MV photons and field shaping is achieved by an 80 leaf collimator. An aluminum support arm was constructed to support the FPI opposite the MV source. The FPI ͑PerkinElmer Optoelectronics RID 256-L͒ incorporates a converter comprising a 1 mm Cu plate and a Kodak Lanex Fast-B Gd 2 O 2 S:Tb phosphor ͑133 mg/cm 2 ͒. The converter is directly coupled to a 256ϫ256 active matrix array of a-Si:H photodiodes and TFTs with a pixel pitch of 0.8 mm. The array can be addressed at frame integration times of 79, 100, 200, 400, 800, 1600, and 3200 ms. The detector dark noise was measured to be ϳ12 ADU ͑analog-to-digital units of charge͒, compared to a signal capacity of 16 384 ADU ͑i.e., 14 bits͒.
Imaging geometry and procedure
The FPI was mounted to the drum of the accelerator at a source to detector distance of 159 cm, with a cylindrical phantom placed at isocenter ͑100 cm source to axis distance͒. The dose to the center of the phantom was estimated from tissue-air ratio tables and computed to be 0.015 cGy per x-ray pulse for the 12ϫ12 cm 2 field used in this study. For each projection image, the gantry angle was recorded with a precision of 0.04°by digitizing the gantry angle readout voltage.
The FPI was operated asynchronously from the accelerator; therefore the problem of interference between radiation pulses and detector readout was addressed in the following way. A fixed pulse repetition time of 160 ms was chosen for the accelerator, giving a dose rate of 6 monitor units ͑MU͒/ min, where 1 MU corresponds to 1 cGy dose at 100 cm from the source at a depth d max in water for a 10ϫ10 cm 2 field. The FPI frame integration time, T frame , was selected from the seven available settings. Therefore, for a given T frame setting, either N pulse or (N pulse ϩ1) beam pulses could be incident on the detector in a single frame, where N pulse is the integer part of T frame divided by the pulse repetition time. Projections with a constant number of beam pulses per frame ͑e.g., N pulse ͒ were selected from the projection set and used in image reconstruction; projections with a different number of beam pulses ͑e.g., N pulse ϩ1͒ were discarded. For example, using the 200 ms frame integration time, either 1 or 2 pulses could hit the detector in a given frame; therefore, frames where two pulses hit the detector were identified and rejected. The rejection was based on analysis of the signal along the central column. If this signal exhibits an abrupt increase in signal ͑i.e., by approximately a factor of 2͒ the frame was rejected, as this signal increase indicates a second pulse. In addition, this process identifies and rejects those frames for which beam pulses occurred during that portion of the detector readout cycle in which the individual rows are addressed. Figure 3 shows the mean signal of 10 central rows for the 374 projections used. The mean value is 250 with a standard deviation of 2.3%, verifying that all rows used in the reconstruction were only hit by one pulse.
For all cases 6 MV photons were used, and the gantry speed was set to 36 MU/360°for the two shortest frame integration times and 72 MU/360°for the longest integration time. This corresponds to dose levels of 6 cGy, 32 cGy, and 65 cGy to the center of the phantom. For frame times of 1600 ms, rotation was completed after 437 projections, for 800 ms after 428 projections and for 200 ms after 1701 projections, respectively. For the two longer integration times all recorded frames were used for the reconstruction whereas for the 200 ms integration time, frames were selected or discarded as described above.
Correction of geometric flex
The mechanical flex in the imaging system was measured by placing an 8 mm diameter ball bearing ͑bb͒ 6 mm below isocenter and recording 2000 images over 360°. The centroid of the bb in each image was determined automatically. The path of the bb in the projected images is shown in Fig. 4 for the transverse and longitudinal directions. A more detailed description of the method is found in Ref. 23 . More recent investigations using a kV CBCT system on the linac demonstrate that this magnitude of flex is well managed using this correction method, and that the flex is highly reproducible. 
Data processing
All recorded projections were dark and gain-corrected by subtracting an averaged dark field and then dividing the image by a measured gain field, which is the average of background-corrected flood fields. A small number of spatially stationary defect pixels ͑14͒ were median-filtered in each projection. To correct for variations in the intensity of the photon source, the signal of nine pixels outside the phantom shadow was used as a reference signal. Given an accelerator pulse repetition time of 160 ms, one or two pulses can hit the detector during the frame integration time. The mean shows clearly that the detector was always hit by one pulse in the projections used. ͑Frames receiving anything other than one pulse exhibited a mean signal well outside the histogram shown.͒ The mean signal is 250 analog-digital units ͑arbitrary units͒ with a standard deviation of 2.3%. See text for details.
Reconstruction
Volume images were reconstructed using the FDK algorithm 22 adjusting each backprojection ray to account for the gantry angle dependent flex. Reconstructions were performed assuming an equidistant angular increment corresponding to the mean angular increment measured for each set. The standard deviation in angular increment in all sets was less than 0.35°. Images were reconstructed with a voxel size of 0.5ϫ0.5ϫ0.5 mm 3 , corresponding to the 0.8 mm pixel pitch of the MV FPI and a magnification of 1.6.
D. Measurement of SNR and imaging of contrast phantom
To measure the SNR and contrast performance, a simple phantom was constructed from an 11 cm water-filled, plastic cylinder in which the lower half contained six 2.8 cm diameter, tissue-equivalent cylindrical inserts ͑Gammex RMI, Middleton, WI͒. Figure 5 shows a sketch of the phantom with the six inserts of various electron density relative to water, e ͑where e is the ratio of the electron density of the insert to that of water and was specified by the manufacturer͒. The six inserts are liver ( e ϭ1.050), polyethylene ( e ϭ0.945), solid water ( e ϭ1.000), breast ( e ϭ0.980), brain ( e ϭ1.039), and resin ( e ϭ1.020). Although the phantom is smaller in diameter than typical human anatomy, it is the largest that could be accommodated in the detector field-of-view without introducing truncation artifacts. Use of larger-area detectors and an offset-geometry 25 to accommodate field-of-view up to ϳ40 cm at isocenter is the subject of ongoing work. The SNR was determined from the mean and standard deviation in voxel values in slices reconstructed in the upper half ͑water-only portion͒ of the phantom. This was done along 20 concentric annuli in a region near the center of the image, the diameter of the annuli extending from 5 to 25 voxels in the reconstruction. The annular region allowed analysis of signal and noise in a region that was fairly uniform and free of artifacts ͑e.g., negligible cupping artifacts associated with scatter or beam-hardening, lack of ring artifacts associated with defect pixels, and negligible variation in noise due to radially varying dose͒. For each annulus an SNR value was determined and these values were averaged to yield the mean SNR. Error bars ͑ϳ5-15 % of the mean͒ reflect the standard deviation in SNR determined for each annulus.
Three MV image sets of the water phantom were acquired at the three dose levels described in Sec. II C. For comparison, six kV image sets of the water phantom were acquired with in-air, on-axis exposure levels of (1.19, 1.57, 2.58, 3.77, 7.33, and 13.9)ϫ10 Ϫ4 C/kg. The exposures were converted to dose at the center of the cylindrical phantom using an f factor of 3550 cGy/C/kg for the mean energy of 60 keV 26 and the exponential attenuation based on coefficients from Ref. 15 . The doses reported do not include the additional dose resulting from x-ray scattering within the phantom. For all kV CBCT images, 300 projections were acquired across 360°and used in volume reconstruction. Kilovoltage images of the contrast portion of the phantom were acquired using a dose of 1.0 cGy, and since more projections were acquired in the MV experiments, the influence of number of projections on SNR was investigated in a companion study. This was done on the kV imaging system by keeping the total exposure constant and varying the number of projections from 200 to 1200. No significant change in voxel noise was detected over the range of projections examined, and the influence of the number of projections was considered negligible for N projections у200, for objects with low-frequency content, such as in the phantom employed here. The graph shows the relative displacement of an 8 mm ball bearing ͑placed at a known position relative to the isocenter͒ caused by mechanical flex in the system over a 360°rotation of the accelerator gantry. The curve labeled ''Transverse'' shows excursions of the centroid along the detector rows ͑i.e., parallel to the face of the accelerator gantry͒. The curve labeled ''Longitudinal'' shows excursions of the centroid along detector columns ͑i.e., in the direction parallel to the axis of rotation͒. Zero indicates the mean position of the bb over 360°. The maximum displacement is 3.6 pixels in the transverse and 1.5 pixels in the longitudinal direction. These measurements were the basis for flex correction in image reconstruction.
FIG. 5. Illustration of the SNR and contrast test phantom.
The phantom consists of a water-filled plastic cylinder in which six low contrast objects were positioned in the lower half, with the upper half containing water only. The phantom has a diameter of 11 cm, and the low-contrast inserts are 2.8 cm in diameter and 7 cm in height. The plastic cylinder wall is 1 mm thick ͑see text for details͒. Numbers indicate electron density relative to water for each insert ͑i.e., e , the ratio of the electron density of the insert to that of water͒.
III. RESULTS
A. Dependence of soft-tissue contrast on x-ray energy
The theoretical contrast relative to ICRU 44 soft tissue for the representative soft-tissue materials is shown in Fig. 6 . The contrast is nearly constant within the MV energy range and improves ͑i.e., the absolute magnitude increases͒ at lower energies for all but one of the samples. Only the muscle equivalent material exhibits no significant change with energy, because its composition is very similar to the ICRU 44 soft tissue. The other materials increase in contrast as energy is reduced from 2 MeV to 60 keV by a factor 1.5 for water, 4.8 for fat, 6.5 for breast, and Ϫ21.4 for eye lens. These increases in contrast relax the SNR performance requirements at kV energies, allowing lower dose imaging for equivalent detectability. Figure 7 shows the theoretical predictions of SNR for the kV and MV FPIs and for two other MV detectors ͑based on CsI:Tl and Xenon, respectively͒. Two dose levels ͑1 and 10 cGy͒ are shown for the kV case and three ͑1, 10, and 100 cGy͒ for the MV case. The calculations were performed assuming 11 cm, 25 cm, and 40 cm diameter water cylinders ͓Figs. 7͑a͒, ͑b͒, and ͑c͒, respectively͔, and for all detector types an equivalent spatial resolution in image reconstructions was assumed ͑viz, 0.5ϫ0.5 mm 2 transaxial voxel size and 5 mm slice thickness͒. Note that for the MV FPI to match the SNR performance of the kV system, a factor of 100 in dose is required for the 40 cm thick cylinder and even more for smaller objects. Figure 8 shows the measured and predicted SNR for the kV and the MV CBCT systems. These results correspond to a reconstructed voxel size of 0.5ϫ0.5ϫ0.5 mm 3 for the MV case and 0.25ϫ0.25ϫ0.25 mm 3 for the kV case, corresponding to the detector pixel size of the respective systems at isocenter. The solid lines represent the predicted SNR performance based on Eq. ͑2͒ as a function of dose for the FPIbased CBCT systems. Reasonable agreement between theory and measurement is demonstrated for both energies at all dose levels. Comparing the SNR performance of these FPIbased CBCT systems at MV and kV energies, the theory FIG. 6 . Contrast of different tissue equivalent materials ͓labeled ''Fat,'' ''Water,'' ''Breast,'' ''Muscle,'' and ''Eye ͑Lens͒''͔ relative to soft tissue ͑ICRU 44͒. Contrast was computed as the difference from the soft-tissue value. The approximate energy range of the 100 kVp spectrum is indicated by the range ͑ϳ30 to 100 keV͒ labeled ''kV.'' The contrast decreases with increasing energy across the kV energy range and is fairly constant in the MV energy range. A slight change in contrast at the highest energies is a result of pair production.
B. Theoretical prediction and measurement of SNR in CBCT reconstructions
FIG. 7.
Signal-to-noise ratio versus energy. The arrows on the lower axis indicate the mean energies of the kV and MV spectra ͑60 keV and 2 MeV, respectively͒. The SNR was computed for four different detectors: a kV FPI ͑plotted as solid lines across the kV energy range͒, an MV FPI ͑plotted as solid lines across the MV energy range͒, a fluoroscopic CsI:T1 system ͑dot-ted lines across the MV energy range͒, and a standard CT Xenon gas detector ͑dashed lines across the MV energy range͒. Both FPIs use a 133 mg/cm 2 Gd 2 O 2 S:Tb phosphor screen, but the MV panel incorporates an additional 1 mm layer of Cu. The CsI:T1 crystals have a thickness of 1 cm. The Xenon detector is assumed to be 5 cm thick at a pressure of 506.6 kPa. For purposes of comparison, all detectors in this case were assumed to provide equivalent spatial resolution ͑0.5 mm transaxial voxel size and 5 mm slice thickness͒. The calculations were performed assuming a phantom diameter of ͑a͒ 11 cm, ͑b͒ 25 cm, and ͑c͒ 40 cm. As the phantom thickness increases, the disparity between kV and MV SNR values is reduced due to higher attenuation in the kV range. However, even for the 40 cm phantom the kV imager shows a clear advantage in terms of SNR vs. dose. predicts a 61-fold increase in SNR for the 11 cm phantom, a 38-fold increase for the 25 cm phantom, and a 23-fold increase for the 40 cm phantom. For the MV case, the noise measured at low doses is slightly higher than theoretically predicted, resulting in a slight overestimation in the theoretical SNR at lower doses. While the reason for this slight discrepancy is somewhat unclear, it may be the result of at least two effects that become more pronounced at lower dose. First, the dark-flood procedure used to correct for nonuniformities in pixel offset and gain are imperfect, resulting in subtle ring artifacts that become more apparent at lower dose. Since the annuli along which the SNR was analyzed were not necessarily concentric with the center of image reconstruction ͑rather, they were roughly centered within the cylindrical phantom͒, such ring artifacts would result in slightly elevated noise values in the measurements. Second the model in Eqs. ͑2͒ assumes that additive electronic noise is negligible. While this is reasonable at high doses where the detector is strongly input quantum limited, the validity of such an assumption degrades under conditions of very low dose. For the lowest dose case, the mean detector signal behind the center of the phantom was approximately 12-13 times higher than the dark noise level ͑additive noise͒ of the MV imager. Thus the detector is quantum noise limited even at the lowest dose measured, and the assumption that dark noise is negligible is reasonable; at lower doses, however, the measured SNR is expected to depart from the theoretical prediction, as suggested somewhat in the limited number of data points in Fig. 8 .
The dashed line shows the SNR calculated for the case of a CsI:Tl-based detector at MV energies, illustrating the improvement associated with higher QDE ͑ϳ18% for the CsI:Tl-based system, compared to ϳ1% for the MV FPI͒.
For thick objects ͑Ͼ40 cm of water͒, a hypothetical detector with 100% QDE would achieve almost the same SNR as in the kV case.
C. CBCT images of the contrast phantom at MV and kV energies
Image reconstructions of the low-contrast phantom were obtained from the FPI-based MV and kV CBCT systems ͑Fig. 9͒, each with a slice thickness of 5 mm. In the high dose ͑65 cGy͒ MV images the four highest contrast objects are clearly visible. In the 6 cGy image, however, image quality is significantly degraded, and only the liver and polyethylene inserts are detectable. Dark current variations in an unstable column in the MV FPI introduce ring artifacts in the center of the three MV images. Figure 9͑d͒ shows the same phantom imaged with the kV system at 1.0 cGy, and all inserts are visible. It is interesting to note that the wall of the plastic cylinder is only visible in the kV image, suggesting the presence of high Z material in the plastic.
IV. DISCUSSION AND CONCLUSIONS
The development of imaging systems capable of differentiating soft-tissue structures within the patient is an important   FIG. 8 . Theoretical prediction and measurements of voxel SNR in MV and kV CBCT reconstructions. Squares represent the kV results ͓denoted ''kV CBCT ͑100 kVp͒''͔, circles the MV ͓denoted ''MV CBCT ͑6 MV͒''͔, and the error bars are one standard deviation. The two solid lines represent the theoretical prediction for these FPI-based systems, respectively. The diameter of the phantom is 11 cm, and the reconstructed voxel size for the kV and MV cases is 0.25 mm and 0.5 mm, respectively, corresponding to the pixel aperture size at isocenter. The dashed line ͓denoted ''MV CBCT ͑6MV, CsI͒''͔ shows the improvement in SNR at MV energies for the CsI:T1-based system compared to the FPI-based system. The differences in SNR are primarily a result of the varying detector efficiencies: ϳ60% for the kV FPI, ϳ1% for the MV FPI, and ϳ18% for the MV CsI:T1-based detector.
FIG. 9. Image reconstructions of the contrast phantom at three dose levels ͓͑a͒ 65 cGy, ͑b͒ 32 cGy, and ͑c͒ 6 cGy͔ for the MV case ͑ϳ1% for the MV FPI͒, and one dose level ͓͑d͒ 1 cGy͔ for the kV case ͑ϳ60% for the kV FPI͒, qualitatively illustrating the differences in contrast and SNR for the kV and MV FPI-based CBCT systems. The phantom is 11 cm in diameter, and the low-contrast materials are ͑clockwise from upper-left͒ liver, polyethylene, solid water, breast, brain, and resin. In the MV images, four of the inserts are detectable in the two higher dose images ͓͑a͒ and ͑b͔͒, while solid water and resin are not visible. In the 6 cGy image ͑c͒ only liver and polyethylene are detectable. Due to instabilities in the MV FPI some ring artifacts appear in the center. The cylinder is not perfectly round in the MV images, because it was attached horizontally to a support via a hose clamp ͑see Fig. 2͒ , whereas in the kV image the cylinder was standing upright. In the kV image ͑d͒, the liver, polyethylene, breast, and resin inserts are clearly differentiable. Even solid water is detectable by a small rind. The brain insert, which has a higher electron density than water appears dark in the kV image for reasons that are not clear ͑whereas in the MV image the insert is light, as expected͒. These images offer qualitative support of the advantages of kV CBCT using currently available FPIs. The slice thickness is 5 mm for all images. component of improving the accuracy of external beam radiation therapy, with numerous detector types and imaging technologies, such as FPI-based CBCT, under investigation. This work demonstrates the inherent contrast and SNR performance characteristics of FPI-based CBCT imaging systems at MV and kV energies. The results have been extended to the description of different detector types ͑e.g., CsI:Tl and Xenon-based detectors͒ using an established theoretical model that allows calculation of the SNR in image reconstructions as a function of dose. The results of measurements and calculations show clearly the superior performance of kV CBCT in terms of SNR versus dose for these detectors. Using currently available FPIs, CBCT at kV energies appears capable of providing soft-tissue visibility at low doses ͑ϳcGy͒, whereas at MV energies the low detection efficiency of such imagers ͑ϳ1%͒ necessitates a substantial dose increase ͑a factor of 10 to 100͒ if comparable soft-tissue detectability is to be achieved. While the exact contrast and SNR requirements of IG systems for radiotherapy are difficult to establish, it seems clear that for FPI-based CBCT, imaging at kV energies offers significant advantages in each respect.
The energy dependence of inherent contrast and SNR has been illustrated across energy ranges corresponding to kV and MV CBCT. Calculations for various soft-tissue structures illustrate that inherent contrast is increased in the kV energy range due to the Z dependence of the photoelectric effect. For the FPIs investigated, SNR is also improved in the kV regime, owing largely to superior QDE at kV energies ͑ϳ60%͒ compared to MV energies ͑ϳ1%͒. Other aspects of imaging performance-such as spatial resolution, CT number accuracy, susceptibility to scatter and beam-hardening artifacts, and the contribution of scatter to contrast and noise-remain to be fully investigated, particularly in comparison of the kV and MV cases for various detector types and the relevance to IG performance and satisfaction of basic IG requirements in radiotherapy.
Finally, this study has shown preliminary integration of FPI-based CBCT at MV energies with a clinical linear accelerator, demonstrating that such systems are feasible and that geometric flex can be corrected. Other work 24 has shown this to be the case for CBCT at kV energies as well. A common assertion is that, compared to kV CBCT, MV CBCT offers the advantageous characteristic of mechanical simplicity in implementation on a linear accelerator ͑e.g., implementing the CBCT detector in the site normally occupied by a portal imager͒. However, this assertion is largely based on the convenience of integration rather than the more fundamental objective of improving the precision of therapy through softtissue imaging in the therapy setting. Moreover, since a system for kV CBCT could provide radiographic/ fluoroscopic/tomographic images during the treatment procedure, the MV approach somewhat constrains the exploration of innovative procedures for image guidance in which the imaging and delivery systems work concurrently to achieve higher levels of delivery precision.
Considering the significant SNR and dose advantages offered by kV CBCT, combined with the prospect for combined radiography/fluoroscopy and CBCT from the same detector, kV CBCT using an FPI appears to represent a promising technology for IGRT. Future investigation will quantify the performance of such systems at larger field-ofview ͑up to ϳ40 cm width, e.g., using an offset-detector geometry 25 ͒ and examine aspects of clinical integration and implementation.
